Unilateral below-knee amputees develop abnormal gait characteristics that include bilateral asymmetries and an elevated metabolic cost relative to non-amputees. In addition, long-term prosthesis use has been linked to an increased prevalence of joint pain and osteoarthritis in the intact leg knee. To improve amputee mobility, prosthetic feet that utilize elastic energy storage and return (ESAR) have been designed, which perform important biomechanical functions such as providing body support and forward propulsion. However, the prescription of appropriate design characteristics (e.g., stiffness) is not well-defined since its influence on foot function and important in vivo biomechanical quantities such as metabolic cost and joint loading remain unclear. The design of feet that improve these quantities could provide considerable advancements in amputee care. Therefore, the purpose of this study was to couple design optimization with dynamic simulations of amputee walking to identify the optimal foot stiffness that minimizes metabolic cost and intact knee joint loading. A musculoskeletal model and distributed stiffness ESAR prosthetic foot model were developed to generate muscle-actuated forward dynamics simulations of amputee walking. Dynamic optimization was used to solve for the optimal muscle excitation patterns and foot stiffness profile that produced simulations that tracked experimental amputee walking data while minimizing metabolic cost and intact leg internal knee contact forces. Muscle and foot function were evaluated by calculating their contributions to the important walking subtasks of body support, forward propulsion and leg swing. The analyses showed that altering a nominal prosthetic foot stiffness distribution by stiffening the toe and mid-foot while making the ankle and heel less stiff improved ESAR foot performance by offloading the intact knee during early to mid-stance of the intact leg and reducing metabolic cost. The optimal design also provided moderate braking and body support during the first half of residual leg stance, while increasing the prosthesis contributions to forward propulsion and body support during the second half of residual leg stance. Future work will be directed at experimentally validating these results, which have important implications for future designs of prosthetic feet that could significantly improve amputee care.
Introduction
Unilateral below-knee amputees have distinct gait characteristics compared to non-amputees, including bilateral asymmetries (e.g., Ref. [1] ), altered residual leg muscle activity (e.g., Ref. [2] ), increased metabolic cost (e.g., Ref. [3] ), and reduced walking speed (e.g., Ref. [4] ). As a result, amputees often develop chronic leg and back pain [5] [6] [7] [8] . Sustained prosthetic use has also been linked to joint pain in the intact leg knee that is often associated with osteoarthritis (for review, see Ref. [9] ). Two of the more prominent biomechanical factors that adversely affect amputee mobility are an elevated metabolic cost and the development of joint disorders in the intact knee.
Differences in gait characteristics between amputees and nonamputees are often attributed to the functional loss of the residual leg ankle muscles, which perform important biomechanical functions such as providing body support, forward propulsion, and leg swing initiation [10] . Passive prosthetic devices such as energy storage and return feet have been developed to help improve amputee gait by storing and releasing elastic energy during stance [11] . However, selection of the appropriate foot design (e.g., stiffness characteristics) is not well-defined since its influence on ESAR foot function and biomechanical quantities such as metabolic cost and joint loading (e.g., knee contact forces) are not well-understood.
A promising strategy to optimize ESAR foot design and prescription practice is to combine design optimization with advanced manufacturing techniques such as selective laser sintering (SLS) to develop novel designs that improve these important biomechanical quantities. However, it is essential to identify the dynamic interactions between the musculoskeletal system and the design characteristics of the prosthetic foot to assess their influence on walking performance. Therefore, the purpose of this study was to couple design optimization of ESAR prosthetic feet with forward dynamics simulations of amputee walking to identify the optimal foot designs that improve metabolic cost and joint loading during below-knee amputee walking.
In previous applications, forward dynamics simulations have been useful in assessing individual muscle function (e.g., Refs. [12, 13] ) and estimating difficult to measure in vivo quantities such as muscle work, metabolic cost, and joint contact forces during human movement (e.g., Refs. [14] [15] [16] [17] [18] ). In addition, studies have shown how altering the stiffness of prosthetic foot-ankle devices can have a significant influence on the walking mechanics and muscle activity of below-knee amputees [19] [20] [21] . Thus, we expect that altering foot stiffness likely influences metabolic cost and joint contact forces and that there is an optimal foot stiffness that minimizes these quantities. In order to interpret how changes in stiffness influence muscle and prosthetic foot function, individual muscle and foot contributions to body support, forward propulsion, and residual leg swing were determined.
Methods
Musculoskeletal Model. An amputee (left leg below -knee) planar bipedal musculoskeletal model was developed using SIMM/Dynamics Pipeline (MusculoGraphics, Inc.), which was similar to the model used in previous studies of amputee and nonamputee walking (e.g., Ref. [10, 22] , ( Fig. 1 ).
Rigid segments represented the trunk (head, arms, and torso) and thigh and shank segments of both legs. In the intact leg foot, rigid segments also represented the talus, calcaneus, mid-foot, and toes. The musculoskeletal geometry was based on Delp et al. [23] , while the inertial properties of the residual leg shank segment were adjusted based on the work of Mattes et al. [24] . The trunk had three degrees-of-freedom (two translations and one rotation). In both legs, hip flexion/extension was modeled using revolute joints. A planar joint was used to model the knee joint, with the flexion/extension rotation and two translational degrees-of-freedom prescribed as a function of knee flexion angle [25] . In the intact leg, revolute joints modeled the ankle, subtalar, and metatarsophalangeal joints. Excluding the prosthetic foot, the musculoskeletal model had a total of ten degrees-of-freedom. The dynamical equations of motion were generated using SD/FAST (PTC) while the foot-ground contact was modeled using 31 viscoelastic elements with Coulomb friction under each foot [26] . Passive torques were applied at each joint representing ligaments, passive tissue and joint structures [27, 28] .
Musculotendon Actuators. Muscles were modeled using Hilltype actuators, which consisted of a contractile element representing the active muscle fibers, series elastic element representing the tendon, and parallel elastic element representing the passive fiber stiffness. Similar to previous work [29] , the excitation pattern of each actuator was defined using a bimodal pattern defined as
where the excitation magnitude e(t) was a function of time (t) and amplitude (a i ), onset (onset i ) and offset (offset i ) of each mode (i). Thus, six parameters (two onsets, offsets, and amplitudes) defined the excitation pattern of each muscle group. Muscle contraction dynamics were governed by force-length, force-velocity, and tendon force-strain relationships [30] . Muscle activation-deactivation dynamics was modeled by a first-order differential equation [31] , with activation and deactivation time constants derived from Winters and Stark [32] . For those muscles not included in Winters and Stark [32] , nominal activation and deactivation time constants of 12 and 48 ms were used.
Metabolic Cost and Joint Contact Forces. The metabolic cost model was based on previous work [18, 33] and included thermal and mechanical energetic costs. Modifications were made to the original model such that slow-twitch muscle fibers were recruited prior to fast-twitch fibers. Energy liberation rate for each muscle ( _ E) was the sum of activation ( _ h A ), maintenance ( _ h M ), and shortening/lengthening ( _ h SL ) heat rates, as well as the mechanical work rate ( _ w CE ) of the contractile element. Mechanical work rate ( _ w CE ) was the product of the contractile element's force and velocity. Total energy consumption for each simulation was calculated by the time integral of the energy liberation rate over the gait cycle defined as:
In addition, the total knee tibiofemoral and hip contact forces were calculated using SD/FAST, which included the intersegmental forces and compressive forces due to the muscles spanning the joint.
Energy Storage and Return Prosthetic Foot Model. The prosthetic foot model consisted of 22 rigid segments. Each segment and the overall foot shape were defined by two spline curves that represented the keel and heel sections (Fig. 2) . The keel and heel shapes were defined using 15 and 9 spline points, respectively. This shape was used since it closely matched the shape of a widelyprescribed commercial carbon fiber ESAR foot (Highlander TM , FS3, Freedom Innovations, LLC) and was previously used to generate prototypes of ESAR prosthetic feet using selective laser sintering [19, 34] . The prosthetic foot model had a total of 18 degrees-of-freedom (13 keel and 5 heel single degree-of-freedom revolute joints, Fig. 2 ). Individual keel elements were aggregated Fig. 1 Amputee musculoskeletal model. The intact leg was actuated by 25 individual Hill-type musculotendon actuators, which were grouped into 14 muscle groups based on anatomical classification with muscles in each group receiving the same excitation pattern. The 14 muscle groups consisted of GMED (anterior and posterior compartments of the gluteus medius), GMAX (gluteus maximus, adductor magnus), HAM (biceps femoris long head, medial hamstrings), BFsh (biceps femoris short head), IL (psoas, iliacus), RF (rectus femoris), VASL (vastus lateralis, vastus intermedius), VASM (vastus medialis), GAS (medial and lateral gastrocnemius), SOL (soleus, tibialis posterior), TA (tibialis anterior, peroneus tertius), PR (peroneus longus, peroneus brevis), FLXDG (flexor digitorum longus, flexor hallucis longus), and EXTDG (extensor digitorum longus, extensor hallucis longus). To improve model visualization, the smaller muscle groups that actuated the foot (PR, FLXDG, and EXTDG) are not shown. In the amputee residual leg, the same muscle groups were included except for those crossing the ankle joint (GAS, SOL, TA, PR, FLXDG, and EXTDG).
for analysis purposes into an ankle, a mid-foot, and a toe (seven, four, and two joints, respectively).
Prosthetic Foot Stiffness. Foot stiffness was modeled using viscoelastic elements at each rotational degree-of-freedom in the prosthetic foot model, which applied a passive torque in the following form:
The passive torque (s i ) applied at each rotational degree-offreedom (i) was a function of element stiffness (k i ), angular displacement (h i ) and angular velocity ( _ h i ). A damping value b ¼ 5.73 N*m*s was determined based on previous work [19] .
Dynamic Optimization. A simulated annealing optimization algorithm [35] was used to generate three simulations of a complete gait cycle of amputee walking in which prosthetic foot stiffness (four stiffness parameters), muscle excitation parameters (six bimodal parameters in each of the 22 muscle groups), and initial generalized velocities (28 velocity parameters, one for each degree-of-freedom) for a total of 164 parameters were optimized to reproduce group average amputee experimental data while: (1) minimizing metabolic cost, (2) minimizing intact knee contact force (equally weighted absolute sum of the peak axial knee contact force and axial knee contact force impulse), and (3) minimizing both metabolic cost and intact knee loading (equally weighted).
To provide an initial guess for prosthetic foot stiffness, a nominal stiffness distribution was calculated based on a custom ESAR foot that was manufactured using SLS and previously shown to closely match the stiffness and biomechanical response of the Highlander TM FS3 [34] . Each prosthetic foot segment was assumed to be a prismatic beam element and made from Rilsan TM D80 (Nylon 11, Arkema, Inc.) material. The rotational stiffness of each element (KR1-KR13 and HR1-HR5, Fig. 2 ) was calculated as follows:
The rotational stiffness (k i ) was a function of the Young's modulus of the sintered Nylon 11 material used to manufacture the SLS ESAR prosthetic foot (E ¼ 1.4 GPa), segment length (L i ) and area moment of inertia for a rectangular cross-section (I i ). In the optimization framework, foot stiffness distribution was altered by four scale factors, which independently scaled the ankle (KR1-KR7), mid-foot (KR8-KR11) and toe (KR12 and KR13) sections of the keel in addition to the heel (HR1-HR5). Initial scale factors (ankle, mid-foot, toe and heel sections) were set to 1.0.
Experimental Tracking Data. To provide tracking data for the dynamic optimization, previously collected experimental data of amputees walking with the SLS ESAR foot were used [19] . Subjects provided informed consent to an Institutional Review Board approved protocol and included 12 unilateral, below-knee amputees (10 traumatic, 2 secondary illness; 12 males; 52 6 17 years; 83.0 6 15.8 kg; 1.78 6 0.06 m). Each subject walked along a 10 m walkway at 1.2 (60.06) m/s. Bilateral kinematic marker data [36] were measured at 120 Hz using an eight-camera motion Fig. 4 Intact and residual knee and hip contact forces for each walking simulation plotted with respect to the residual leg gait cycle. For each joint, forces are expressed in the distal segment reference frame and represent the force of the proximal segment on the distal segment. For example, the intact knee axial force is expressed in the intact leg tibia reference frame and represents the force of the intact femur on the intact tibia. Segment reference frames are defined to be positive in the vertical axial direction and positive in the anterior horizontal direction. The total body weight of the model was 715 N.
capture system (Vicon, Oxford Metrics, Inc.), and ground reaction force (GRF) data were measured at 1200 Hz using four embedded force plates (Advanced Mechanical Technology, Inc.). Repeated trials were collected until at least five step-to-step force plate contacts per foot were measured. Surface electromyography (EMG) electrodes (2, 10 mm disposable self-adhesive Ag/AgCl sensor contacts, 16 mm interelectrode distance; TeleMyo 900, Noraxon U.S.A., Inc.) were used to record muscle activity from the intact leg tibialis anterior, soleus, medial gastrocnemius, and bilaterally from the vastus medialis, rectus femoris, biceps femoris long head, gluteus maximus and gluteus medius.
Muscle and Prosthetic Foot Function. To compare differences in muscle and prosthetic foot function between the simulations, individual muscle and foot contributions to body support, forward propulsion, and residual leg swing were calculated using a GRF decomposition [10, 13, 37] and induced acceleration and segment power analyses [38] . Body support and forward propulsion were quantified by their contributions to the vertical and anterior/posterior (A/P) GRFs, respectively. Contributions to residual leg swing were quantified by the mechanical power delivered to the residual leg during swing by muscles and the prosthetic foot.
Results

Minimization of Metabolic Cost and Intact Knee Contact
Force. The simulations that minimized only metabolic cost (MetE) and only intact knee contact force (JCont) successfully reduced each objective function (Table 1 ) while the simulation that minimized both metabolic cost and intact knee contact force (JCont þ MetE) successfully reduced both functions, which were comparable to the two individually-minimized simulation magnitudes. While the optimized stiffness scale factors varied, there were notable similarities in the stiffness factors across simulations ( Table 1 ). Simulations that minimized metabolic cost decreased ankle stiffness by approximately the same amount and all simulations increased mid-foot stiffness. Mid-foot stiffness was increased the most when minimizing intact knee contact force. Minimizing only metabolic cost decreased toe stiffness, while minimizing intact knee contact force increased toe stiffness. All simulations decreased heel stiffness.
Experimental Tracking Data. Despite the altered stiffness profiles of the prosthetic feet, each simulation produced movements that were similar to the collected experimental data. Across all simulations, average root-mean-square kinematic joint angle and ground reaction force tracking deviations were 8.9 deg and 0.09 GRF/BW, respectively, which were $2 standard deviations of the experimental data (9.0 deg and 0.08 GRF/BW). For the muscle groups in which experimental EMG data were collected, the optimized excitation patterns were similar and active during regions of the gait cycle when EMG activity was observed ( Fig. 3) .
Joint Contact Forces and Muscle Contributions to Metabolic
Cost. In the simulations that minimized the intact leg knee axial force, the intact knee A/P contact force was decreased relative to minimizing only metabolic cost (Fig. 4 ). However, small increases of the intact hip axial and A/P contact force during the same region of the gait cycle were observed. In the simulation that minimized only intact knee axial force, increased residual leg knee and hip axial forces were observed compared to the other simulations. In the simulations that minimized metabolic cost, several residual (VAS, HAM, GMED, GMAX and IL) and intact (TA, HAM, GMED and IL) leg muscles showed decreases in metabolic cost (Fig. 5 ).
Prosthesis Foot Contributions to Body Support and Forward Propulsion.
During the first half of residual leg stance when minimizing metabolic cost, the keel provided more braking and body support while muscles provided less body propulsion (Figs. 6(a) and 6(c)). In contrast, when minimizing only intact knee contact force, the keel provided less braking and body support, while the heel provided more braking and support (Figs. 6(a) and 6(c)).
During the second half of residual leg stance when minimizing only metabolic cost, the keel provided less forward propulsion ( Fig. 6(b) ). When minimizing only intact knee contact force, the keel provided a moderate amount of forward propulsion while muscles provided more propulsion. When minimizing both objectives, the keel provided the most forward propulsion and body support, while muscle contributions to these tasks were moderate (Figs. 6(b) and 6(d)).
Over the entire residual leg stance, minimizing only intact knee contact force required greater muscle contributions to propulsion (Figs. 6(a) and 6(b)).
Individual Muscle Contributions to Body Support and Forward Propulsion. When minimizing only intact knee contact force, throughout stance the residual leg GMED and GMAX increased their contributions to forward propulsion (Figs. 7(a) and 7(b)). In addition, during the first half of stance, the residual HAM increased its contribution to body support and decreased its contribution to propulsion (Figs. 7(a) and 7(c)).
During the first half of intact leg stance in all three simulations, the intact leg RF, VAS, GAS, and SOL provided braking, while HAM provided forward propulsion ( Fig. 8(a) ). The intact leg RF, VAS and HAM contributions to braking and propulsion during this region followed consistent trends in which the simulation that minimized only metabolic cost had the largest contributions, the simulation that minimized only intact knee contact force had the second largest contributions, and the simulation that minimized both objectives had the smallest contributions ( Fig. 8(a) ). Also during the first half of intact leg stance in all three simulations, the intact leg GMED, HAM, VAS, GAS, and SOL had the highest contributions to body support ( Fig. 8(c) ). While minimizing intact knee contact force, GMED and SOL increased their contributions. When minimizing both objectives, the contribution of VAS to body support was largely decreased, and the contribution of HAM was largely increased. In contrast, when minimizing only metabolic cost, the contribution of intact VAS to body support was largely increased (Fig. 8(c) ).
During the second half of intact leg stance, the primary contributors to body support and forward propulsion were SOL and GAS ( Figs. 8(b) and 8(d) ). When minimizing only intact knee contact force, GAS contributions to support and propulsion were decreased, while SOL contributions to forward propulsion were increased. When minimizing both objectives, SOL contributions to propulsion and support decreased.
Prosthesis Foot and Muscle Contributions to Residual Leg
Swing. Across simulations, the largest differences in power delivered to the residual leg occurred in the second half of stance during pre-swing ( Fig. 9(b) ). When minimizing only metabolic cost, the prosthetic keel absorbed less energy from the residual leg. When minimizing only intact knee contact force, the keel absorbed greater energy from the residual leg. When reducing only intact knee contact force, residual GMED, GMAX, and RF absorbed more energy from the leg. When minimizing both objectives, the residual leg RF absorbed the least amount of energy from the leg. Lastly, when minimizing only intact knee contact force, during swing the residual leg IL delivered more energy to the leg (Fig. 9(c) ).
Discussion
The purpose of this study was to couple design optimization with forward dynamics simulations of amputee walking to identify the optimal prosthetic foot design that minimizes the biomechanical quantities of metabolic cost and intact leg loading. We hypothesized that optimal foot stiffness characteristics exist that minimize metabolic cost and intact knee joint contact forces. Integrating prosthetic foot design optimization with forward dynamics simulations enabled us to not only examine the performance of ESAR foot designs but also the interactions between foot and muscle contributions to essential walking subtasks of body support, forward propulsion, and leg swing. The results showed that there are indeed foot stiffness characteristics for unilateral belowknee amputees that minimize metabolic cost and intact knee Reducing Metabolic Cost. When minimizing only metabolic cost, reducing ankle stiffness, toe stiffness, and heel stiffness, while increasing mid-foot stiffness was the optimal ESAR foot design. This decreased the total muscle contributions to residual leg braking and propulsion throughout residual leg stance and decreased the keel contribution to forward propulsion during the second half of stance. However, minimizing only metabolic cost increased the dependence on the keel during the first half of residual leg stance for body support, and dramatically increased intact leg VAS contributions to body support during the first half of intact leg stance. In addition, the keel absorbed much less energy from the residual leg during the second half of stance, thus requiring less energy delivered to the leg by IL during swing. Therefore, this keel design decreased the overall metabolic demand from muscles of both legs.
However, this ESAR foot design led to increased intact knee loading (highest axial and A/P contact forces), primarily from increased contributions of the intact leg VAS. VAS has been shown to be a primary contributor to the axial knee contact force during non-amputee walking [16] . The peak axial intact knee force ($3500 N) was largely increased compared to the residual leg knee in this simulation ($2100 N) as well as compared to previous simulation analyses of non-amputee walking at the same speed ($2100 N) [16] and other moderate speeds ($1600-2000 N) [17, 39, 40] . Also, in an experimental study of amputee walking, as overall ESAR foot stiffness was decreased, increased activity of the intact leg VAS muscles was observed [19] . Thus, reducing ankle or toe stiffness leads to increases in VAS muscle activity and a substantial increase in intact knee loading.
Reducing Intact Knee Contact Force. When minimizing only intact knee contact force, maintaining ankle stiffness while increasing mid-foot and toe stiffness and decreasing heel stiffness was the optimal ESAR foot design. This enabled the keel to provide a moderate amount of forward propulsion during the second half of residual leg stance but increased the total muscle contributions to residual leg propulsion throughout stance. Increased contributions to forward propulsion by residual leg GMAX and GMED as well as the highest contributions of intact SOL to forward propulsion were observed. Minimizing only intact knee contact force also decreased the dependence on the keel for residual leg body support and increased the dependence on residual HAM to provide support during the first half of stance ( Fig. 7(c) ). Increased residual leg HAM activity during the first half of stance has been found to be one of the most consistent compensations used by unilateral below-knee amputees during walking (e.g., Ref. [2] ). Therefore, increasing the HAM demand may present an increased risk of fatigue or increase the already elevated metabolic cost of amputee walking (see residual leg HAM, Fig. 5 ).
During the second half of intact leg stance, the smallest contributions of intact GAS to forward propulsion and body support were observed, which were consistent with reducing the intact knee contact force since GAS has been shown to be the primary contributor to axial knee contact force during the second half of stance [16] . This keel design also absorbed the largest energy from the leg during the second half of residual leg stance ( Fig.  9(b) ), which required a small increase in the energy delivered by IL to the leg during swing ( Fig. 9(c) ). These changes in foot and muscle function resulted in a higher overall metabolic cost of walking. Thus, while this keel design successfully offloaded the intact knee (by reducing both axial and A/P contact forces in the intact knee), it required an increase in metabolic cost and resulted in higher contact forces of the other lower limb joints (i.e., increased axial forces in the intact hip and residual knee and hip joints), with axial knee forces being similar in both the intact and residual joints ($2500 N). However, these values were still substantially higher than predicted peak knee axial forces during normal non-amputee walking at the same speed ($2100 N) [16] and other moderate speeds ($1600-2000 N) [17, 39, 40] .
Reducing Both Metabolic Cost and Intact Knee Contact
Force. When minimizing both metabolic cost and intact knee contact force, the prosthetic keel design encompassed design aspects of the individual optimizations. Ankle stiffness was decreased (similar to when minimizing only metabolic cost), and toe stiffness was increased (similar to when minimizing only intact knee contact force). Mid-foot stiffness was also increased while heel stiffness was again decreased. This optimal ESAR foot design produced the most forward propulsion and body support during the second half of residual leg stance, as well as moderate braking and body support during the first half of stance. This keel design also largely decreased the contributions of the intact SOL to forward propulsion and body support during the second half of intact leg stance. In addition, contributions of the intact VAS to body support during the first half of intact leg stance were largely decreased and led to a decrease in the intact knee axial force. To compensate for decreased intact VAS function, intact HAM contributions to body support were increased. HAM contributions to the knee axial force have been shown to be much less than VAS during walking [16] . Therefore, this keel design enabled the model to offload the intact leg knee and led to a decreased metabolic cost of walking. However, changes in both prosthetic keel and muscle function were essential.
Offloading the intact leg knee by limiting the contributions of VAS is consistent with previous modeling work that suggested a quadriceps avoidance gait pattern may be used by non-amputee patients that experience knee osteoarthritis [16] . Osteoarthritic non-amputee patients typically experience decreased knee flexion angles and knee extensor torques during early stance [41] [42] [43] [44] . Other studies have suggested that an increased dependence on HAM over VAS may be an effective method to mitigate knee degeneration of non-amputee [17] . Thus, this keel design may enable amputees who experience intact knee osteoarthritis to more effectively offload their intact knee.
Limitations and Future Work. Although the optimization framework successfully identified optimal foot designs, there are potential limitations and areas of future work. First, the observed influence of the different stiffness profiles on muscle and foot function need to be experimentally verified. Thus, future work should involve manufacturing the optimized ESAR feet and clinically testing them on amputees. Secondly, when reducing both metabolic cost and intact knee contact forces, we assumed an equal cost of these objectives. Changing the relative costs of these dual objectives may yield a wider range of designs to be analyzed in the future. In addition, it is unclear whether the biomechanical objectives optimized in this study may be utilized by the central nervous system to optimize walking in a similar manner. However, as previously described, reducing metabolic cost and intact knee contact forces are important clinically-relevant objectives that hold promise for improving amputee mobility. While this framework is theoretical in nature, the simulated motions and muscle excitations emulated well experimentally-collected data of amputee walking, and the identified intact and residual leg muscle contributions to walking subtasks were consistent with previous studies of non-amputee walking [10, 12, 13, 45 ]. In addition, the observed functions of the prosthetic keel to body support and forward propulsion during the first and second halves of stance as well as energy absorbed from the leg were consistent with the functional role of SOL in non-amputee walking [10] . Thus, the optimized movements were realistic, and the identified muscle and foot functions were found to be consistent with previous work. Furthermore, modeling assumptions were made such as the omission of the residual leg gastrocnemius and the rigid connection between the residual leg and prosthesis. The potential contribution of the residual leg gastrocnemius to walking subtasks would depend on limb length, etiology, surgical technique and the amount of muscle atrophy. In addition, the biomechanical functions of this muscle were likely captured by the residual leg biceps femoris short head, which was included in our model and found to have small contributions to the overall walking mechanics. Prosthesis fit is another important factor that was difficult to incorporate in the model since it depends on the type of socket-residual limb interface (e.g., pin-lock versus a vacuum suspension system) as well as the quality of the interface. Future experimental studies are needed to characterize these factors prior to incorporating them in the musculoskeletal model. Finally, a 2D model was used in this study due to the computational intensity of the analyses. With future increases in computational speed and optimization algorithm efficiency, 3D studies should be performed to identify muscle and foot function in the non-sagittal planes of motion.
Conclusions
In summary, fine-tuning the nominal SLS ESAR prosthetic foot design by stiffening the toe and mid-foot while making the ankle and heel less stiff may improve ESAR foot performance by offloading the intact knee during early to mid-stance of the intact leg and reducing the metabolic cost of intact and residual leg muscles over the gait cycle. In addition, minimizing only metabolic cost or only intact knee contact force resulted in muscle and prosthetic foot compensations that adversely increased the opposing objective, while minimizing both objectives simultaneously incorporated common foot stiffness characteristics (e.g., increasing toe stiffness when reducing intact knee contact force and decreasing ankle stiffness when reducing metabolic cost). By coupling detailed modeling and design optimization of ESAR prosthetic feet with musculoskeletal modeling and forward dynamics simulations, this study provided an important first step in optimizing the stiffness characteristics of ESAR prosthetic feet to improve amputee mobility and has provided insight into the influence of foot stiffness on foot and muscle function, metabolic cost, and intact knee contact forces. Fig. 9 Mean prosthetic foot and residual leg muscle contributions to total power delivered to the residual leg. Data were averaged during the first (left column) and second (middle column) halves of residual leg stance and swing (right column).
